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Abstract 
Although head injuries in football having approximately the same incidence as in American football and ice hockey, head 
protectors are barely used for prophylaxis. A detailed human head-neck model including force elements describing the material 
behaviour of human soft tissue structures such as ligaments, tendons, cartilage layers, intervertebral discs and muscles has been 
developed using multi-body system (MBS) modelling techniques to investigate the effectiveness of commercial headgear. For 
ball-head impacts at ball velocity of about v = 20 m/s the simulations calculate a Head Impact Power (HIP) index of 4.1 kW 
resulting in a five percent injury risk for concussion. When using headgear the resulting HIP-value comes to 3.91 kW meaning 
that the reduction of the injury risk is very small. 
 
© 2010 Published by Elsevier Ltd. 
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1. Introduction 
Heading is an essential part of defensive and offensive football (soccer) play and in normal controlled heading 
situations overloads causing symptoms of concussions are not to be expected. But the risk of long-term damages of 
the neurophysiologic system due to a multiple of controlled and occasionally uncontrolled heading situations is not 
completely investigated. In the literature the maximum ball velocities for youth players were measured at v = 18 m/s 
and for professional players v = 33 m/s [1]. The highest-velocity ball an adult player might voluntarily head would 
be from a punt (approximately 20 m/s), drop kick (approximately 23 m/s), or goal kick (also approximately 23 m/s). 
Also, most opportunities for heading occur at ball velocities less than 23 m/s [2]. Although head injuries in football 
have approximately the same incidence as in American football and ice hockey, head protectors are barely used for 
prophylaxis. But with an increasing number of incidents involving the elbow in heading duels the use of head 
protectors has more and more become part of the discussion. Its use may further be effective to avoid concussions 
due to unexpected impacts, especially when the ball hits the head with high velocities from short distances and with 
no muscle activity being present to counteract the impact. The current study aims to derive a valid model of the 
human head and neck in order to perform simulations that may help to quantify the protection capacity of current 
headgear in football. 
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2. Methods 
The detailed human head-neck model has been developed using the multi-body simulation (MBS) software 
SIMPACK (Intec, Wessling, Germany). The MBS-model consists of the three upper thoracic vertebral bodies T1 to 
T3, the seven cervical vertebral bodies C1 to C7, the upper three ribs, both clavicles, the sternum and the cranium 
(without mandible). The corresponding 3D surface models of the bones were created describing the exact bone 
geometries obtained from computed tomography (CT) data. The definition of the coordinate axis is based on the 
recommendation of the International Society of Biomechanics (ISB). The overall regional motion of the cervical 
spine was determined as the motion between the body-fixed reference system of the cranium and the body-fixed 
reference system of the vertebral body C7.  
Implementation of user routines allows the modulation of force elements describing the material behavior of 
human soft tissue structures such as ligaments, tendons, and cartilage layers.  
Based on the exact description of the free formed surfaces of the cartilage layers couples of moved markers were 
modeled, calculating the potential contact points between the articulating processus articulares. To avoid the 
penetration of the adjacent facet joints unilateral force elements between the couples of moved markers were used, 
describing the material behavior of the hyaline cartilage layers. In detail Voigt elements (combinations of a spring 
and a dashpot in parallel) were used. The material behavior of the hyaline cartilage, i.e. the spring stiffness ccart and 
the damping coefficient dcart, were determined from experimental data [3]. 
The visco-elastic behavior of the ligaments was calculated based on a Kelvin model (the series of a spring and a 
dashpot is parallel with an additional spring) as a function of their cross-sectional areas, loading velocities and the 
current strain situation. The force element was validated by tensile tests [4]. As shown in figure 1a, specific 
ligaments are considered within the simulation.  
  
Fig. 1. (a) Ligaments at the cervical spine:  Lig. longitudinale anterius (ALL),  Lig. interspinalia (LI), Ligg. supraspinalia (LS), Lig. 
intertransversaria (LIT); not shown: Lig. longitudinale posterius (PLL) (b) Hysteresis function of the torque-angle relation of the intervertebral 
disc. 
For the visco-elasticity of the intervertebral disc a six-dimensional nonlinear force model is applied [3]. The 
resulting torques are based on a torque-angle relation given by a function as shown in figure 1b. For each specific 
vertebra the RoM is taken over from the literature [5]. In the longitudinal directions of the special element, a Kelvin 
model is used. The stiffness is obtained as 
 
 (1) 
 
where  is the height of the disc, where  and  are the linear velocities and  and  DUHWKH<RXQJ¶V
modulus of Annulus fibrosus and Nucleus pulposus, respectively. The damping factor dDisc is here 50% of the 
stiffness factor cDisc. In the plane surface with axes t and b of a vertebra the forces  and  are introduced as  
 
  (2) 
  (3) 
 
where  and   are the widths of the disc and  and  are their linear velocities.  
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The characteristic load/deformation hystereses of the intervertebral joints, including the intervertebral discs, the 
ligaments and the cartilage layers, were calculated depending on the pre-loads. The force element describing the 
behaviour of the intervertebral joints was validated by comparing the models output to experimental gathered from 
human cadaveric specimen [6]. The used experimental set-up applied moments in the three main anatomical planes 
(frontal, sagittal, transversal) and evaluated motion with an optical 3D analysis system (fig. 2). 
Fig. 2. (a) Experimental set-up for evaluation of the stiffness of intervertebral joints [6]; (b) MBS of the experimental set-up to validate the 
developed force elements 
Moreover, neck muscles move the head ± here 23 muscles are considered within the model, where 9 muscles 
force the flexion and 14 muscles force the extension of the head (fig. 3a). The individual muscle force is modeled as 
an active control unit GLVWULEXWHG IURP WKH JOREDO QHW DFWLRQ RI WKH KHDG E\ WKH ³HTXDO-stress-WKHRUHP´ XVLQJ Whe 
physical cross section area and the maximum of the muscle force of each muscle. Herein value ratioj < 100 % is the 
distribution factor for the over determined system and is found by a maximal stress of ı   35 N/cm2 and the 
corresponding CSA of each muscle [3].  
                        
Fig. 3. (a) Neck-head MBS model including their neck muscles (b) Headgear Full90 Premiere (Full90 Sports, San Diego, USA) 
The material behaviour of the ball and a commercial headgear Full90 Premiere (fig. 3b) were ascertained by 
experimental compression tests. In the experiment, a ball of mball = 417 g, with inner pressure of 0.7 bar, diameter of 
22.3 cm was used. The resulting load/deformation hystereses of ball and headgear depending on the loading rate are 
shown in figure 4. 
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Fig. 4. Material behavior of (a) ball and (b) headgear depending on the loading rate (experimental data). 
To assess the accelerations of the head and the resulting injury risks the Head Impact Power (HIP) Index with the 
unit Watt as 
 
 (4) 
 
developed for evaluation of injury risks in the American Football is used [7]. Herein, m is the mass and Jxx, Jyy, Jzz 
are the mass moment of inertia values of the head. The following variables are maximum values: Ȟx, Ȟy, Ȟz are the 
linear velocities, ax, ay, az are the linear accelerations, ȦxȦyȦz are the angular velocities and Įx Įy Įz are the 
angular accelerations of the head with respect to the inertial frame. In table 1 the risk of concussion with various 
parameters including peak linear and angular head accelerations and the maximum HIP (HIPmax) for 5%, 50% und 
95% is quantified [8]. 
Table 1. Summary of injury indices for head impact (g denotes the acceleration of gravity) 
measured value units 
Injury tolerance by risk 
5% 50% 95% 
HIPmax kW 4.5 12.8 21.3 
Peak resultant linear acceleration g 40 78 115 
Peak resultant rotational acceleration rad/s² 3350 6350 9250 
 
3. Model verification 
Finally the complete neck and head MBS was verified by comparing the simulated ball-head impacts to the 3D-
kinematics of real impact situations that have been measured using a VICON motion capture system. In the 
experiment a ball velocity of approximately v = 4 m/s was used (n = 5). To prevent an abnormal high muscle tone 
the test person could not see the flying ball and thus did not expect the impact time. After the impact of the ball, it is 
noted that first the head moved backwards, followed by a muscle-activated return to the initial position. 
Since the test person tries to bring back the head in the straight initial position the goal function for the neck 
muscles was chosen with 
 
cranium-C7(t) = 0  (5) 
 
Together with the models defined above the MBS simulation leads to the time history of the head angle, which 
concurs with the experimental results. The motion of the ball and the head for some time steps is shown in figure 5. 
The simulated initial ball velocity of 4 m/s resulted in a rebound velocity of 2 m/s, corresponding with the 
experimental data. With these results the verification to the MBS neck-head model is successfully performed.  
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Fig. 5. Simulation of an uncontrolled heading situation: Start of the simulation (t = 0 ms), ball impact (t = 10 ms), max. extension (t = 100 ms), 
max. flexion (t = 270 ms), end of simulation (t = 300 ms)  
4. Results and Discussion 
Table 2 shows the calculated maximum values of linear and rotational accelerations and the HIP values for the 
calculated ball velocities v = 4 m/s, v = 10 m/s, v = 20 m/s and v = 30 m/s. For ball-head impacts at velocity of 
about v = 20 m/s the simulations calculated an HIP-value of 4.1 kW, i.e. just below a five percent injury risk for 
concussion. When using headgear the resulting HIP-value comes to 3.91 kW meaning that the reduction of the 
injury risk is very small. For ball-head impacts at velocity of about v = 30 m/s the simulations calculated an HIP-
value of 10.49 kW (i.e. below a 50 % injury risk for concussion), a peak resultant linear acceleration of a = 44 g (i.e. 
just above a 5 % injury risk for concussion), and a peak resultant rotational acceleration Į = 1323 rad/s² (i.e. well 
below a 5 % injury risk for concussion). 
Table 2. Calculated HIP value, peak linear acceleration, peak rotational acceleration for different ball velocities  
ball velocity  
vBall [m/s] 
HIP 
[kW] 
Peak resultant linear 
acceleration [g] 
Peak resultant rotational 
acceleration [rad/s²] 
without with without with without with 
4 m/s 0,15 0,14 4,75 4,21 184,50 163,99 
10 m/s 0,98 0,95 13,89 13,48 527,24 515,17 
20 m/s 4,10 3,91 28,83 28,01 935,39 921,53 
30 m/s 10,49 9,94 43,99 42,48 1322,92 1291,80 
Our results agree with a study commissioned by FIFA, to investigate the effectiveness of football headgears in 
terms of the reduction of head injuries in head-head and head-ball contact situations [3]. Also in this study, no 
significant reduction of the linear acceleration and of the HIP-index was acquired in active heading with ball 
velocities of v = 6.4 m/s and v = 8.2 m/s as well as involuntary head-ball-impacts with ball velocities of v = 10 m/s, 
v = 20 m/s and v = 30 m/s. 
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Table 3 shows the calculated contact duration, peak contact force between ball and forehead, and maximum 
extension of the cranium and the cervical vertebral body C7 with and without the use of a headgear model for the 
different ball velocities v = 4 m/s, v = 10 m/s, v = 20 m/s and v = 30 m/s. The calculated duration of the contact 
between ball and forehead without a headgear model is tK = 12.2 ms for all ball velocities. An increase of the 
duration using the headgear model was calculated for a ball velocity of v = 4.0 m/s with tK = 12.5 ms and of 
v = 10.0 m/s with tK = 12.3 ms. The use of a headgear model results in a reduction of the peak contact force and the 
maximum head extension for all ball velocities. The duration of the contact between ball and forehead in the 
simulation was tK = 12,3 ms. Shewchenko et al [1] showed contact times with ball velocities of v = 9,6 - 9,7 m/s 
with tK = 11,6 - 12,4 ms and v = 17 m/s ± 18 m/s with tK = 10,2 ms - 10,8 ms.  
Table 3. Calculated contact duration, peak contact force, and maximum extension of the head for different ball velocities 
ball velocity  
vBall [m/s] 
contact duration 
tK [ms] 
peak contact force 
FK_max [N] 
maximum head extension 
Ȗ [°] 
without with without with without with 
4  12,2 12,5 347,1 319,2 11,6 11,4 
10  12,2 12,3 844,9 826,2 31,8 30,7 
20  12,2 12,2 1683,1 1648,8 62,8 62,6 
30  12,2 12,2 2534,4 2470,2 91,4 89,2 
 
5. Conclusion 
Due to the detailed anatomical setup, the use of validated force elements of the soft tissue structures and the 
verification of the simulation results with experimental data, the paper has shown in detail that realistic impact 
situations can be analyzed with the developed MBS-model of head and neck.  
In the simulated loading situations only a small reduction of the injury risk was investigated. An increased injury 
risk according to the HIP index and the resultant linear acceleration was calculated for ball velocity of v = 30 m/s. 
For a complete judgement of the effectiveness of the football headgear, additional studies investigating further 
impact situations should be calculated, especially impact situations such as head-elbow and head-hand/wrist/forearm 
which have recently become a matter of public concern. 
With simple parameter variations of the model of the headgear ± and therefore modifications of design and 
material behaviour ± the developed MBS-model could also be used in the optimization and developmental process 
of the product. 
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